Introduction
Detection and analysis of biomolecules for medical diagnostics, environmental monitoring, and quality control of food products have always drawn great attention and been an active topic of research due to their direct impact on human life. For instance, detection of cancer biomarkers or circulating tumor cells (CTCs) in patient blood would allow early diagnosis and timely intervention of the disease (Adams et al., 2008; Nagrath et al., 2007; Stott et al., 2010) . Similarly, detection of airborne pathogens can lead to early counter measures (Lee et al., 2008a; Meltzer et al., 2011) . Moreover, food analysis for quality and safety control is critical for production and supply chain in today's world (Atalay et al., 2011; Crevillen et al., 2007) . Collaboration of various engineering and science disciplines under the canopy of nanotechnology has brought together innovative methods and techniques enabling revolutionary micro/nanodevices that can identify and recognize nucleic acids, proteins, viruses, bacteria, and cells.
Biological molecules utilized to detect and/or monitor amount and activity of proteins, nucleic acids and cells are called biomolecular probes. In the human body, biomolecules are present either in a soluble form, such as the proteins in the blood (Adkins et al., 2002; Schmid et al., 1956) , or they are an integral part of a cell, such as the cell membrane surface antigens and receptors (Aplin et al., 1998; Pierce et al., 2002; Wang et al., 2012) . Receptor-ligand interactions are essential components of the structural and functional complexity found in the living organisms (Cozens-Roberts et al., 1990; Hynes, 1999) . Mimicking nature, biomolecular probes have been the key component of many recent biomedical micro/nanodetection systems and biosensors. Here, we use the term "biosensor" as a general expression for biomicro/nanodetection and analysis tools.
In general, biosensors are composed of three main parts: (1) probe (detector), (2) transducer, and (3) signal processor ( Fig. 1) . Specific biological recognition is generally accomplished by the biomolecular probe (e.g., receptor, ligand, antibody, aptamer, extracellular matrix proteins). Then, the transducer converts biomolecular recognition events into measurable signals. Transducer output signal can be optical, electrochemical, electrical, thermal, magnetic, mechanical, or a combination of these based on the system design (Collings and Caruso, 1997; Gooding, 2002; Paddle, 1996) . Finally, the processing unit (e.g., microprocessor) filters, amplifies, analyzes, and displays the output signal or result. Advances in semiconductor technology enabled producing not only silicon-based electronic circuits, but also electromechanical devices made of polymers, metals, carbon, and silicon, commonly referred to as microelectromechanical systems (MEMS) and nanoelectromechanical systems (NEMS) (Grayson et al., 2004; Moore and Syms, 1999; Staples et al., 2006) . Various transducers have been developed using the MEMS and NEMS biosensor technologies, including cantilevers, pillars, microfluidics, nanopores, carbon nanotubes (CNTs), nanoparticles, and nanowires (Gao et al., 2007; Howorka et al., 2001; Inci et al., 2013b; Moon et al., 2011; Raiteri et al., 2001; Tan et al., 2003) . Performance of these micro/nanodevices highly depends on biomolecules immobilized on the device as probes, which is discussed in this review.
Biomolecular probes
Interactions between biomolecules and the biosensors constitute a critical component for the design of novel and efficient biosensing approaches. Therefore, understanding the physicochemical, biochemical, and biophysical characteristics of biomolecular probes is important in Fig. 1 . Schematic representation of a biosensor and essential components. Biomolecular probes include antibody, DNA, aptamer, and extracellular matrix (ECM) proteins. Using micro/ nanobiosensors, nucleic acids, proteins, bacteria, and cells can be detected, their amount can be measured and their activity can be analyzed based on interactions occurring through biomolecular probes immobilized on the transducer surface. Transducers convert biological signals into measurable signals which are processed and analyzed. micro/nanodevice design and development (Folch, 2012) . Adhesion of a molecule to a surface is known as adsorption. If adsorption is governed solely by physical forces, it is called physisorption. On the other hand, if adsorption is mediated by chemical interactions between a surface and a molecule, then it is called chemisorption. Physical interactions playing a role in biomolecular probe-device surface interactions can be grouped under four major categories: (i) van der Waals forces, (ii) hydration forces, (iii) hydrogen bonds, and (iv) hydrophobic forces. Physisorption processes do not necessitate special treatments, such as surface activation via ozone treatment and chemistry expertise (including covalent binding of biomolecules to the surface via cross-linkers and proteins) compared to the chemisorption procedures. On the other hand, physisorbed coatings are regarded as unstable in terms of their adhesion to the adsorption surface in comparison to chemisorbed coatings (Folch, 2012) .
Cell adhesion, mediated by a variety of biomolecules, plays a critical role in vital cellular processes, including proliferation, survival, and gene expression (Cozens-Roberts et al., 1990; Hynes, 1999) . Biomolecules of cellular adhesion can be categorized into four main groups ( Fig. 2) : (i) immunoglobulins, (ii) selectins, (iii) cadherins, and (iv) integrins (Hynes, 1999) . Immunoglobulin superfamily is primarily involved in the immune system for marking unwanted cells, bacteria and viruses, and they exhibit a significant specificity which is critical for recognizing and counteracting foreign bodies. Selectins play an important role in normal as well as abnormal white blood cell (WBC) adhesion to the endothelium (Springer, 1990) . Cadherins are important in cell-cell adhesion, such as in the formation of a uniform endothelium by endothelial cells that covers the lumens of blood vessels (Angst et al., 2001) . Integrins are mainly associated with cell-extracellular matrix (ECM) interactions and adhesion, such as in the modulation of cell migration on ECM by the formation of new bonds in the direction of movement and disruption of the older ones in the opposite direction (Huttenlocher and Horwitz, 2011; Hynes, 1999) . Immunoglobulins and selectins are mainly involved in adhesion initiation and early stage binding of cells (Leckband et al., 2000; Mehta et al., 1998) .
Immunoglobulins, also known as antibodies, bind to specific parts of a foreign object, namely the antigen, and they can be immobilized on biosensor components or surfaces. Antibodies significantly enhance the detection limit and performance of biosensors due to their extremely high specificity and high binding constants of 10 9 -10 12 . Using antibodies, biomolecule concentrations as low as in the picomolar range (10 −12 M) can be analyzed (Lowe et al., 1990) . Because of their high selectivity and binding interactions, antibodies are commonly utilized in biosensor applications (Collings and Caruso, 1997; El-Sayed et al., 2005; Inci et al., 2013a,b; Raiteri et al., 2001) . Aptamers are artificial oligonucleotides, which may be of single stranded DNA/RNA or peptide origin (Cho et al., 2009) . Aptamers are designed to have a specific structural conformation that provides binding to target entities or to change structure upon target interaction (Nutiu and Li, 2003) . Aptamers have specific advantages over antibodies: (i) once the sequence is determined, aptamer synthesis is relatively easy and custom manufacturing is possible, (ii) aptamers can be reversibly denatured, for controlled binding and release of target molecules (Shastri et al., 2015) , and iii) aptamers include phosphodiester bonds which are chemically stable. Due to these advantages, aptamers have been used as biomolecular probes in a number of biosensing platforms in combination with: cantilevers (Savran et al., 2004) , optical diffraction biosensors (Lee et al., 2010) , surface plasmon resonance biosensors (Cho et al., 2012; Lee et al., 2008b) , nanotubes (So et al., 2005) , and microfluidic devices (Sheng et al., 2012) , to detect various biomolecules, such as PDGF-BB (Lee et al., 2010) , leukemia cells (Sheng et al., 2012) , and bacteria and viruses (Hong et al., 2012) . Antibodies are not affected by nucleases and have been well developed for many years. To benefit from the advantages of both antibodies and aptamers, hybrid systems have been developed (Ohk et al., 2010; Zhang et al., 2014) . Fiber-optic sensor (Ohk et al., 2010) and microfluidic systems incorporating immobilized antibodies and aptamers on the same surface as recognition molecules demonstrate higher capture efficiency compared to antibody alone or aptamer alone designs.
Technical needs in diagnostic medicine for quantifying clinically meaningful cell-biomolecule interactions in healthy and diseased states paved the way for the development of various micro/nanotechnologies, such as point-of-care CD4 + T-cell microchip for HIV patient monitoring (Gurkan et al., 2011a; Moon et al., 2011; Wang et al., 2014; Shafiee et al., 2015; Unal et al., 2014; Gurkan et al., 2011b) , CD34 + endothelial progenitor cell microchips for cardiovascular medicine Hatch et al., 2011) , sickle cell disease (SCD) monitoring biochip , and CTC chips for cancer (Nagrath et al., 2007; Stott et al., 2010) . These micro/nanotechnologies have been tested and proven to be effective with diseases that have a significant socioeconomical impact affecting millions of people worldwide. For example, SCD is estimated to affect more than 100,000 Americans and 5 million Africans, causing painful crisis, widespread organ damage, and early mortality (Hassell, 2010; Makani et al., 2011) . One of the most prominent signs of SCD is the vaso-occlusive crisis, which is caused by selectin mediated abnormal adhesion of WBCs, and BCAM/LU mediated abnormal adhesion of sickled red blood cells (RBCs) to vascular endothelium Barabino et al., 1987a ,b, Chang et al., 2008 Hebbel et al., 1980 Hebbel et al., , 1981 . Similarly, cell adhesion plays an important role in the progression of cancer and metastatic dissemination of tumor cells (Cavallaro and Christofori, 2004; Rizvi et al., 2013) . Fundamental insight into cell adhesion mediated by biomolecules would enable in-depth investigation of disease progression and allow the development of novel therapeutics and sensing technologies. Furthermore, Fig. 2 . Four major categories of receptors on cell membrane playing role in cellular adhesion, and antibody, DNA, aptamer strands as biomolecular probes. Immunoglobulins (Igs, antibodies) are primarily associated with immune system, whereas selectins are involved in white blood cell homing. Immunoglobulins and selectins show high affinities with rapid binding rates. Cadherins and integrins are mainly involved in cell-cell and cell-matrix interactions, respectively. DNA and aptamer strands have been used as biomolecular probes with high specificity.
cell-biomolecule interactions and adhesion have vast implications in fundamental biological processes including cellular differentiation Wang and Chen, 2013) , mitosis (den Elzen et al., 2009; Suzuki and Takahashi, 2003) , motility and migration (Gardel et al., 2010; Maheshwari et al., 2000) , and cell homing (Jin et al., 2006; Vermeulen et al., 1998) . Therefore, micro/nanotechnologies that take advantage of these vital biological interactions open new venues and allow new analyses in biology and medicine .
In the next sections, we focus on three promising micro-and nanoscale systems that are utilized for mainstream biosensing applications in cellular biology and clinical medicine: microcantilevers, micro/ nanopillars, and microfluidics. These systems have been developed to investigate bimolecular detection and cellular interactions. We introduce these systems, describe design/fabrication steps for a typical device in each category, and review applications of these systems in biology and medicine.
Microcantilevers
Micro/nanocantilevers have been designed and used as label-free biosensors (Figs. 3 & 4) . Cantilevers convert biological signals into mechanical deflections that can be detected using optical, electrical and magnetic methods (Fritz et al., 2000; Gupta et al., 2004a; Ilic et al., 2000; Johnson et al., 2006; Li et al., 2006; Sone et al., 2006; Wu et al., 2001) . Cantilever operation can be classified into two groups: static mode and resonant mode. In static mode operation, biomolecular interactions on cantilever surface cause deflection of the free end of the cantilever (Fig. 3a & b) . In resonant mode operation, biological mass, such as a cell, changes the vibration frequency of the cantilever. Next, the change in vibration frequency can be measured by optical means to quantify the mass. Cantilevers are generally fabricated from silicon, silicon oxide, or silicon nitride. Today, fabrication of cantilevers using these semiconductor materials is a standard cleanroom process (Fig. 4a) . Polymer-based cantilevers for biosensing applications have also been reported. Fluorocarbon coated polymeric cantilevers have been shown to offer advantages over gold coated silicon nitride cantilevers, such as stability against temperature and pH changes (Calleja et al., 2006) . Numerous biosensor systems based on surface functionalized cantilevers have been implemented with biomolecular probes for the detection of various biological targets, such as kinases and myoglobins (Arntz et al., 2003) , glucose (Pei et al., 2004) , bacterial cells, including Escherichia coli (Ilic et al., 2000) , Listeria innocua (Gupta et al., 2004a) , Bacillus subtilis spores (Dhayal et al., 2006) , vaccinia virus particles (Johnson et al., 2006) , RNA (Zhang et al., 2006) , and cancer markers (Wu et al., 2001) .
Fabrication and functionalization of microcantilevers
In this section, fabrication process of silicon nitride cantilevers is described as a case study. In a typical case, 4-inch diameter, 500 μm thick, single-side polished, silicon wafers are used as the bulk material. The fabrication process starts with a standard RCA cleaning. The silicon wafer is then coated with 0.5 μm low stress (silicon-rich) silicon nitride to form cantilevers by low-pressure chemical vapor deposition (LPCVD). Cantilever material (low stress silicon nitride) is patterned through two photolithography and plasma etching steps (Fig. 4a) . Each photolithography step includes 2-μm-thick positive photoresist spinning, pre-baking at 100°C for 1 min, ultraviolet (UV) light exposure for 8 s, wet resist development for 10 s, and post-baking at 120°C for 2 min. Cantilevers are defined by front side photolithography on the polished side of the silicon wafer, followed by a plasma etch of the nitride. Photoresist layer is not removed and kept on the front surface as a protection layer during the second plasma etch of the back side. Dies are defined on the unpolished side (back side) of the silicon wafer by photolithography using the front side for alignment. Both the nitride layers on the front and back sides serve as an etch mask for wet etching of the bulk silicon in potassium hydroxide. After the photolithography step, back side nitride is etched by a plasma etch again. The photoresist layers on both sides of the wafer are cleaned using piranha solution and solvent cleaners. Finally, the devices are released with a wet etch of the bulk silicon in 45% potassium hydroxide solution at 80°C over a period of 7 h ( Fig. 4b ) . After fabrication, the cantilever needs to be coated (usually by metals, such as gold). This coating enables chemical functionalization of the cantilever and provides a highly reflective surface for the laser light, which is used to detect the deflection of the cantilever. Usually, gold coating is used, because the alkane chain with thiol groups bind to gold covalently (Raiteri et al., 2001; Storri et al., 1998) , which allows custom surface functionalization for many different applications. Cantilevers are functionalized using various methods such as dimensionmatched capillaries (Bietsch et al., 2004; Savran et al., 2002) , pipetting droplets, spray-coating (Battiston et al., 2001) , and inkjet printing (Bietsch et al., 2004) . Among these methods, inkjet printing (nanojet dispensing) has advantages, such as easy droplet generation and spatial accuracy. Inkjet printing enables separate functionalization of differential cantilever arms so that each arm can be coated with different biomolecules.
Cantilever operation modes: static versus resonant
In the static mode, the adsorption of molecules onto the surface generates a 'surface stress' that causes the cantilever to bend slowly, which Fig. 3 . Probing cellular weight on microcantilevers. (a) A polystyrene bead is placed on the control arm and a stem cell is placed on the sensing arm. Double resonance frequencies are quantified in a single measurement. In this example, the mass of the polystyrene bead was measured as 44.5 ng and the mass of the mouse stem cell was measured as 97.4 ng. For details see Chan et al. (2013 Chan et al. ( , 2014 . (b) Illustration of a cell adhered and spread on a microscale cantilever for cell detection and/or cellular mass measurement. The weight of the cell is sufficient to deflect microcantilevers and change their resonant frequency. This approach exploits differences in resonance frequency shift of the microcantilever after cell attachment and growth, since system frequency is reversely correlated with mass.
is why this mode is commonly referred as 'static' bending. Usually, a laser beam is focused on the tip of the cantilever and the reflected beam is detected by the optical lever method using split photo detectors that can measure the deflections with high accuracy (0.1 nm accuracy has been reported for this method (Fritz et al., 2000) ). The wellknown Stoney's equation (Stoney, 1909) explains the relation between the surface stress change and cantilever's tip deflection:
where Δz is cantilever's tip deflection, ν is Poisson' ratio, E is Young's modulus, L is the length of the cantilever, t is the thickness of the cantilever, and Δσ is the change in surface stress (N/m). Gold coated silicon cantilever arrays were used by Fritz et al. to the detect mismatch of oligonucleotides, which is considered as a pioneering work in the field (Fritz et al., 2000) . Arrays of individually functionalized cantilevers have been employed for label-free detection of multiple DNA strands (McKendry et al., 2002) . These studies were reported more than a decade ago, and since then, gold coating has widely been adopted as a preferred method of covalent thiol-based probe immobilization. The resonant mode, in essence, is 'mass' detection. When the cantilever is loaded with additional mass, resonant frequency decreases and the additional mass can be calculated by:
where k is the spring constant, f 0 is the initial frequency, and f 1 is the resonant frequency after the mass loading. In order to increase sensitivity, external actuation through piezoelectric devices may be used to create vibrations at specific frequencies (Johnson et al., 2006) . Gupta et al. used silicon cantilevers in resonant mode for biosensing (Gupta et al., 2004a) . The resonant frequencies of unloaded and loaded cantilever with L. innocua cells (Gupta et al., 2004a) and virus particles (Gupta et al., 2004b) were measured, in which Eq. (2) was employed to calculate the mass of a single virus particle.
Applications of microcantilevers
Cantilever transducers have been extensively developed for chemical and biological sensing. Even though the standard structure of a cantilever is similar to a diving board, where one end is fixed and the other end is free, various geometric changes are possible to meet the signal transduction requirements and surface biochemical reactions (Figs. 3 & 4) . Interferometric cantilevers are differential transducers that are composed of two beam structures and interdigitated fingers between them (Fig. 3 ). They were first developed for Atomic Force Microscopy (AFM), in which cantilevers were used as scanning probes (Manalis et al., 1996; Onaran et al., 2006; Yaralioglu et al., 1998) . Particularly due to the advantages of interferometric cantilevers in AFM applications, the same methods have been applied to biosensors (Savran et al., 2002; Sulchek et al., 2001 ). In such an application, aptamer molecules can be immobilized on the gold-coated sensor surface with a thiol linker (Savran et al., 2004) . Single-stranded DNAs (ssDNAs) are immobilized onto the reference cantilever in order to prevent nonspecific binding. The L-shaped geometry of the sensor allows each cantilever to be functionalized individually by dipping one side (either the sensor part or the reference part) into a micropipette. In this arrangement, ligand-aptamer binding creates a surface stress change which bends the sensor cantilever, while the reference cantilever remains unaffected. The tip deflection of the cantilever is measured using a laser beam based on interferometry differential measurements, which has considerable advantages over single measurements in terms of background noise (Bronzino, 2000) . Cantilever structures that have two layers can be used as temperature sensors with a sensitivity of 2 μK. This method is based on the different thermal expansion coefficients of the layer materials (Lai et al., 1997) . However, differential measurement minimizes this unwanted effect. This result was demonstrated by recording the absolute deflection and the differential deflection of the cantilevers in response to temperature change. Researchers who do not use differential cantilevers employ other methods to reduce noise. For instance, Fritz et al. employed one cantilever as a control and used optical lever measurements twice to subtract background noise from the biological signal (Fritz et al., 2000) . In another case, Alvarez and Tamayo employed a scanning laser source for recording measurements from cantilever arrays (Alvarez and Tamayo, 2005) . Both of these techniques required additional signal processing and more complex measurement systems when compared with the interferometric cantilevers (Alvarez and Tamayo, 2005; Fritz et al., 2000; Sulchek et al., 2001) .
Another novel cantilever design is presented in (Burg et al., 2007) . A microfluidic channel was produced on the top surface of a silicon cantilever to flow the biomolecules over the free-end of the cantilever. Resonant frequency shifts upon the loading of molecules in the microfluidic channel were detected. This cantilever was able to weigh single nanoparticles and single cells such as E. coli and B. subtilis. Even though fabricating microchannel adds complexity to the fabrication process, one of the biggest advantages of such systems is the ease of surface functionalization, which is accomplished by just maintaining fluid flow in the microchannel.
Magnetic beads functionalized with biomolecules may be used with cantilevers to improve sensitivity and selectivity. Magnetic beads can be separated from complex environments by applying external magnetic fields. A demonstration of the employment of magnetic beads with cantilevers for a biosensor application has been performed (Weizmann et al., 2004) , where viral DNA detection of M13phi was successfully reported at extremely low concentrations, as little as 7.1 × 10 − 20 M.
Recently, actuation of cantilevers at a low noise region using magnetic beads was also presented. In such a report, the control arm of the differential cantilever was passivated with bovine serum albumin (BSA) and the sensing arm was probed with biotin-BSA using a nanojet dispensing system (Icoz et al., 2008; Icoz and Savran, 2010) . It was observed that the streptavidin coated magnetic beads were mostly bound to the sensing arm and the applied external magnetic field caused relative deflection of cantilevers. The electromagnet was controlled by a function generator so that the frequency of the excitation signal could be adjusted. This way, cantilevers were excited at a low noise region allowing a deflection resolution of as little as 0.065 Å. Galbraith and Sheetz measured the traction forces of fibroblast cells during migration by utilizing flexible horizontal cantilevers (Galbraith and Sheetz, 1997) . The MEMS device used in this study incorporated mounted horizontal cantilevers and pads, where cell-biomolecular probe interactions occurred at the tip of these cantilevers. By imaging the deflection of the cantilevers, traction forces were calculated during locomotion of the cells. Limitation of this MEMS device is the measurement of forces projected along only one axis.
Mass of single cells can be measured in fluid (Park et al., 2008) or in air (Chan et al., 2013) by using cantilevers. In a fluidic state, He-La cells were attached to cantilever arrays coated with poly-L-lysin as a biomolecular probe and dielectrophoresis was used to capture the cells in fluid flow. Cells were cultured on the cantilever surface and the resonance frequency changes were measured by a laser Doppler vibrometer to quantify the mass of each cell (Park et al., 2008) . In air, stem cells, spore clusters and diatoms were first specifically selected from an environment including many cells with a micromanipulator and then placed on a differential cantilever for measurement. Double resonance frequencies (two resonance frequencies from two cantilever arms) were observed in a single measurement and the mass of each cell was calculated using the frequency shifts (Fig. 4) (Chan et al., 2013) . This system combines the micromanipulator and the microcantilever by taking advantage of both systems in terms of selectivity and differential measurement.
Micro/nanopillars
Micro/nanopillars are vertically utilized adaptations of horizontal cantilevers (Fig. 5a & b) providing a 2D semi-continuous substrate for adhesion of cells (Fig. 5c ). Pillars can be functionalized with a variety of biomolecular probes for various applications. For example, cells can attach, spread, and migrate on pillar surfaces by applying traction forces through their attachment sites to the pillar surface. This traction force results in the deflection of the pillar, which behaves as an elastic spring that is governed by the simple force-deflection equation:
where F is the force, E is Young's modulus, I is the moment of inertia, L is the length, and δ is the deflection of the pillar. Cell traction forces can be calculated by imaging the pillar deflection using a microscope and an image correlation algorithm. Here, fabrication of pillars at the micro-and nanoscale is discussed and their applications in biology are presented.
Fabrication and functionalization of micro/nanopillars
Fabrication of pillar structures at the micro-and nanoscale is an integral and challenging component of pillar substrates. Even though there are relatively simple methods to fabricate pillars at the microscale, advanced manufacturing techniques are utilized to produce pillar arrays with high spatial density and aspect ratio, or pillar structures with nanoscale dimensions.
Microscale pillar fabrication and functionalization
Replica molding has been the gold standard for micropillar array fabrication in the literature. In replica molding, a prepolymer is cast in a template with the desired geometry and dimensions, and the pillar array is peeled off from the template after curing. Even though basic principles of the replica-molding protocols are similar in published literature, there are various techniques to fabricate pillar templates. Standard photolithography (also known as contact photolithography) and chemical developing processes allow fabrication of micropillar array templates with low spatial densities and smaller aspect ratios (≈1:5). On the other hand, for micropillar array templates with high spatial densities and high aspect ratios (N1:5), stepper photolithography (also known as projection photolithography) and deep etching processes are utilized (Yang et al., 2011) .
Standard replica molding procedure was applied by numerous studies in the literature for fabrication of micropillars with dimensions ranging from 2 to 10 μm in diameter, 3 μm to 50 μm in height, and with 9 μm spacing (Lemmon et al., 2005; Sniadecki et al., 2007; Tan et al., 2003; Ting et al., 2012) . Briefly, a positive SU-8 template on a silicon wafer consisting of an array of holes was obtained by using photolithography to fabricate an array of pillars. Subsequently, a prepolymer of poly(dimethylsiloxane) (PDMS) was poured over SU-8 pillars, cured, and peeled off resulting in a negative template. The negative template was oxidized in air plasma, and silanized ((Tridecafluoro-1,1,2,2-Tetrahydrooctyl)-1-Trichlorosilane) under vacuum to facilitate an easy separation of PDMS. Afterwards, micropillars were produced by molding prepolymer of PDMS into the negative template, degassing under vacuum, curing and peeling off from the template. Fig. 6a depicts the schematic of a typical replica-molding process. Furthermore, the tips of the micropillars can be functionalized by microcontact printing via premade PDMS stamps that were immersed in ECM proteins (Fig. 6b) .
The replica molding process was also utilized to obtain high spatial density micropillars with dimensions of 1 μm to 2 μm in diameter, 3 μm to 8 μm in height, and from 2 μm to 4 μm spacing (du Roure et al., 2005; Rabodzey et al., 2008) . In these studies, photolithography was used to produce the negative template with the desired hole pattern and depth on silicon wafers, followed by a deep etching process (Bosch Process) for increased spatial density. After silanization of the negative template, PDMS was molded, cured and peeled off, resulting in micropillar arrays. Afterwards, micropillars were oxidized and sterilized in air plasma to enhance adsorption of biomolecular probes, such as fibronectin.
To improve the versatility of micropillar substrates by including a force actuation capability, Sniadecki et al. embedded nanowires (diameter: 305 nm, length: 5-7 μm) into PDMS pillars (diameter: 3 μm, length: 10 μm) (Sniadecki et al., 2007) . Nanowires were embedded into PDMS pillars by employing the following steps: (i) placement of nanowires in the pillar template, (ii) vertical alignment of nanowires through magnets placed under the templates, and (iii) molding PDMS into the templates after nanowire settlement.
Ghassemi et al. manufactured pillar structures with varying height and uniform top surface topology in the same array (Ghassemi et al., 2008) . Micropillar dimensions were ranged from 0.7 μm to 3 μm in diameter and 2 μm to 8 μm in height. First an array of holes were formed with uniform heights on a silicon wafer surface by using photolithography and reactive ion etching. To fabricate a stepped array of micropillars, first, silicon dioxide was deposited with a thickness of 2 μm over the entire wafer. Afterwards, another photolithography and etching step was applied to finish the forming of the template. Finally, after cleaning and silanization processes, PDMS was molded into template to produce the micropillar substrate with varying height and uniform topology. In a follow-up study, Ghassemi et al. fabricated gold-tipped micropillars to allow different surface chemistries (Ghassemi et al., 2009) . By utilizing the same technique (Ghassemi et al., 2008) , a template with a uniform height was made and deposited with chromium with a 30°angle via an electron beam evaporator while rotating the template. Using this method, a chromium layer was formed on the top and upper lateral parts of the pillars. Then, a 20 nm layer of gold was deposited, followed by 5 nm titanium deposition via an electron beam evaporator at a normal angle, where the chromium layer on top of the pillars prevented the gold deposition on the sidewalls of the pillars. After removal of the sacrificial chromium layer, PDMS was molded into the template and micropillar arrays with gold tips were peeled off.
Nanoscale pillar fabrication and functionalization
Even though there are studies in the literature which push the limits of top-down fabrication, it is inherently difficult to fabricate pillar structures at the nanoscale, especially with dimensions smaller than 100 nm. Therefore, researchers have adapted hybrid approaches to fabricate nanopillar arrays.
Bucaro et al. fabricated nanopillars ranging from 100 nm to 750 nm in radius, 5 to 10 μm in height and 0.8 to 5 μm in spacing (Bucaro et al., 2012) . In this approach, deep UV stepper lithography and deep reactive ion etching were utilized to make the silicon template. Then, double molding was applied, to first obtain the negative PDMS replica and then the positive PDMS replica of the template.
Hu et al. fabricated nanopillars with dimensions ranging from 150 nm to 1 μm in height, 40 nm to 80 nm in diameter, and 100 nm pitch by using nanoimprinting with in situ elongation (Hu et al., 2010) . First, a silicon mold with 100 nm spacing, 80 nm diameter, and 500 nm deep pores was obtained via plasma etching. When the mold was filled with polystyrene at 150°C, adhesion forces between polystyrene and silicon on pillar top surfaces during the vertical withdrawal of the mold caused an axial tension. This tension caused the elongation of the pillars at temperatures where polystyrene was still soft. As a result, pillar diameter decreased with increasing pillar elongation due to volume conservation, which resulted in nanoscale pillar structures.
Kuo et al. utilized nanosphere lithography and nanomolding to fabricate nanopillars with dimensions ranging from 100 nm to 380 nm in diameter, 600 nm to 1 μm in height with 400 nm spacing (Kuo et al., 2010 (Kuo et al., , 2011 . Close-packed polystyrene nanospheres were grown on a silicon substrate by spin coating. Sizes of the nanospheres were regulated by trimming the nanospheres via oxygen plasma etching for the desired diameter of the template. Then, an electron beam evaporator was used to deposit a nickel layer on polystyrene beads. Afterwards, polystyrene beads were removed via sonication in dichloromethane and acetone solution. The remaining nickel on the silicon substrate was used as an etch mask for the induced coupled plasma etching process with tetrafluoromethane and argon gasses. After fabrication of the template is completed, SU-8 photoresist was spun on the template, vacuumed to prevent air bubbles, exposed to UV radiation, baked, and then peeled off from the template to obtain nanopillars. Green fluorescent quantum dots were mixed with SU-8 before molding to label SU-8 nanopillars with green fluorescence.
Applications of micro/nanopillars
Cells, in their native environment, are in contact with topographies ranging from macro-to micro-and nanoscale dimensions. Macroscale topographies are reflected in organ and tissue level architecture (i.e., bone, blood vessel, and tendon), microscale topographies are present in cellular level architecture (i.e., organization and morphology of neighboring cells), and nanoscale topographies are reflected in subcellular architecture (i.e., protein conformations). Cellular interactions with all of these topographies at different dimension scales affect cell behavior and function (Griffin et al., 2015; Kshitiz et al., 2012; McNamara et al., 2010) . Microscale features are in the same order of scale with cells, resulting in alignment and organization of cells in tandem with these features (Griffin et al., 2015; McNamara et al., 2010) . However, nanoscale features are three orders of magnitude smaller than of cells, corresponding to the size scale of cellular proteins, such as the cell membrane receptors. Even though micropillars can be utilized as a surrogate for controlling microscale environment of cells, pillar structures at the nanoscale enable studies of cellular behavior at the molecular scale.
Pillar arrays have been adapted for the study of a diverse set of problems in cellular biology (Fig. 7) due to their inherently simple structure, easy modification of physical properties and accurate sensing of cellular forces (Sniadecki et al., 2006; Unal et al., 2014) . Most of the studies incorporating micro-and nanoscale pillar substrates were focused on analysis of the cell adhesion process, specifically the generated traction forces at adhesion sites, and their effects on cell behavior, such as morphology, migration, and differentiation (Ghibaudo et al., 2008; Saez et al., 2007; Yang et al., 2011) . Cell traction forces have been shown to be a critical determinant in various physiological and pathophysiological events, including angiogenesis, inflammation, and metastasis (du Roure et al., 2005; Kraning-Rush et al., 2012; Wang and Li, 2009) . Understanding the relationships between generated traction forces and cellular behavior can reveal the mechanisms of these events at the cellular and sub-cellular levels. Pillar substrates can be utilized for the measurement of cellular traction forces in various applications and as a controlled environment to study cell-ECM interactions (Table 1) . Furthermore, pillar arrays can be used as an active structure to apply external physical cues, such as electrical, mechanical, and thermal loads. Some of the myriad applications of the pillar substrates in the biological context, especially in cell mechanics (Fig. 7) , are reviewed in this section and listed in Table 1 .
Microscale applications
The earliest study in the literature employing pillar substrates was presented by Tan et al., where interaction between cells and micropillar substrates was investigated using pillars of 3 μm diameter, 11 μm height, and 6 μm spacing (Tan et al., 2003) . Traction forces applied by cells were determined from deflection of the pillars (Fig. 7a ) and these traction forces were correlated with the distribution of focal adhesion on each pillar. Traction forces increased with the focal adhesion size for adhesion sites larger than 1 μm 2 , whereas there was no such correlation for the adhesion sites smaller than 1 μm 2 . Cell response to substrate rigidity (Fig. 7b) (Fu et al., 2010; Ghassemi et al., 2008) and direction dependent rigidity (Fig. 7c) (Saez et al., 2007) were also studied in the literature by changing pillar geometry, where alterations in pillar geometry corresponded to a change in stiffness.
Sniadecki et al. applied an external magnetic field to deflect nanowire embedded micropillars with adhered cells (Sniadecki et al., 2007) (Fig. 7d) . The results showed that application of a step force increases the focal adhesion size at the location of the force, but not at the nearby nonmagnetic pillars. Application of such a force caused a loss in contractility at discrete locations of the cell periphery.
Rabodzey et al. investigated the shear forces induced at cell-cell junctions during the neutrophil transmigration of vascular endothelium by growing a confluent endothelial layer on micropillar arrays (2 μm diameter, 3.3 μm to 4.7 height and 4 μm spacing) in an in vitro laminar flow model (Rabodzey et al., 2008) (Fig. 7e ). An increase in cell-cell junction forces was observed during intercellular penetration of neutrophils and formation of the gap. In addition, an increase in traction forces applied by endothelial cells in response to the penetration and destruction of cell junctions was reported. Furthermore, results showed an increase in traction forces at the transmigration site with increased substrate rigidity. Based on these results, it was suggested that a successful transmigration of a neutrophil through the endothelial monolayer depends on the competition between the cell-cell junctions and cellsubstrate interactions.
Nanoscale applications
Kuo et al. utilized nanopillars, ranging from 50 nm to 600 nm in diameter, as a nanocontact printing tool to form fibronectin nanoarrays (Kuo et al., 2011) . These nanoarrays were then used to investigate the relation between the size of fibronectin pattern and focal adhesion of Chinese hamster ovary (CHO) cells. It was observed that cells were able to adhere and spread even on the nanoarrays with 50 nm diameter. Furthermore, decrease in average focal adhesion size was reported with the decrease in nanoarray size.
Bucaro et al. investigated the relationship between the geometry of nanopillars (spacing and aspect ratio) and stem cell morphology (Bucaro et al., 2012) . Nanopillar arrays with dimensions ranging from 0.2 μm to 0.5 μm in diameter, 5 μm to 10 μm in height, and 0.8 μm to 5 μm in spacing were fabricated. Based on the results, the authors proposed a critical spacing distance, at which extensions of the cells could only grow in the direction where the inter-pillar distances were the shortest. Subcritical spacing led cells to spread radially, because focal adhesions could be established in any direction. On the other hand, with spacing well above the critical spacing distance, cells showed no bridging over the nanopillars. Instead, the cells spread at the base of the nanopillars with increased branching of the extensions. Moreover, the authors reported a dramatic increase in cell polarization with increase in aspect ratio of the pillars, thus reduction in bending stiffness.
Microfluidics
Identification and analysis of phenotypic subpopulations of cells and proteins from heterogeneous mediums, such as blood and other bodily fluids, are increasingly growing demands for most of the clinical medicine and basic science research (Jebrail and Wheeler, 2009; Sin et al., 2005) . In clinical medicine, such identification could be useful for fast and economic diagnostics, and monitoring of diseases, such as CD4 + cell count for human immunodeficiency virus (HIV) monitoring (Moon et al., 2011) and CTC enumeration for cancer diagnostics (Nagrath et al., 2007) . In the last two decades, microfluidic devices integrated with biomolecular probes emerged as a powerful method for highly efficient cell isolation and focused proteomic/genomic analyses (Gurkan et al., 2011a; Kotz et al., 2010; Vickers et al., 2012) . Cell isolation in microfluidic devices is generally based on capture of specific cells from a flowing medium (e.g., unprocessed blood) via a biomolecular probe (e.g., antibodies or ECM proteins) functionalized surface. Biological signals, number of isolated cells, and characteristics of cells can be detected using optical and electrical methods (Adams et al., 2008; Gurkan et al., 2011a; Hassan and Bashir, 2014; Moon et al., 2011; Nagrath et al., 2007; Watkins et al., 2013) . Microfluidic platforms have overcome the limitations of conventional cell isolation techniques (e.g., fluorescent activated cell sorting, magnetically activated cell sorting) due to their simple and easy use, cost and labor efficient operation, short processing time, high surface to volume ratio, and preprocessing-free use (Murthy et al., 2004) . Furthermore, since there are no fluorescent dye or magnetic beads binding to cells, microfluidic systems provide a label-free isolation approach. In this section design/ fabrication and biomolecular probe functionalization approaches in microfluidic devices, and various applications in diagnostics, monitoring and regenerative medicine are reviewed.
Design and fabrication of microfluidic devices
Microfluidic devices with various geometrical designs and dimensions have been utilized in the literature. Dimensions for the channel height are generally reported to be in the range of 50 μm to 500 μm, whereas dimensions for length and width of channels have been reported to be in the micrometer to centimeter range Du et al., 2007; Gurkan et al., 2011a Gurkan et al., , 2012 Singh et al., 2013; Stott et al., 2010) . Geometrical designs utilized for the microfluidic channels can be categorized as: overall chip structure design shaping the flow pathway, and surface structure design to control fluid-structure interaction inside the chip (Fig. 8) . Furthermore, to increase the throughput of the microfluidic systems, multiple channels can be used in parallel or in radial arrangements (Gurkan et Specific functional designs were utilized in microfluidic studies such as the Hele-Shaw channel, parallel flow channel, and spiral channel designs (Fig. 8) . Hele-Shaw channel's lateral shape is designed specifically so that shear stress decreases along the channel length (Fig. 8a) , which allows characterization of shear stress dependent parameters, such as cell capture efficiency (Murthy et al., 2004) . On the other hand, parallel flow channel design provides a constant flow with increased surface area to capture target cells in parallel serpentine shaped channels (Fig. 8b) and is advantageous in space-constrained settings (Sin et al., 2005) . Most of the microfluidic devices employ rectangular prism shaped channels for simplicity in fabrication and operation (Fig. 8c) . Similar to the parallel flow channel design, spiral channels (Fig. 8d) also offer constant flow with increased surface area for isolation of specific cells (Vickers et al., 2012) .
Even though the earlier microfluidic systems mainly relied on flat surfaces, recent innovative approaches include pillar shaped structures (microposts) or surface ridges (herringbones) (Fig. 8e&f) . Antibody functionalized micropillars in microfluidic channels were utilized to increase overall surface area and to enhance target cell-surface interactions, thus improving the capture efficiency of rare CTCs from blood Nagrath et al., 2007; Ohnaga et al., 2013) . Moreover, other studies improved the cell-probe functionalized surface interactions by utilizing microposts from ultra-high porosity CNT forests . Furthermore, herringbones on channel walls were used to disrupt streamlines of flow and, thus, enhance cell-surface interactions and capture efficiency (Deng et al., 2014; Stott et al., 2010) .
Biomolecular probe functionalization of microfluidic devices
Biomolecular probe functionalization is a critical step for cell adhesion and isolation in microfluidic channel surfaces. Functionalization is a nanoscale process by its nature. For the probe functionalization, either specific antibodies (Alapan et al., 2015; Nagrath et al., 2007; Wang et al., 2012) or ECM proteins Singh et al., 2013) can be immobilized on the microfluidic channel surface. The main difference between antibodies and ECM proteins is that antibodies target specific cell surface antigens, whereas ECM proteins mainly target integrin, a general adhesion receptor on the membrane of cells (Fig. 2) . Since antibodies can target specific membrane antigens, antibody functionalization is widely utilized in the literature for highly selective cell isolation and is the main focus of this section.
Functionalization of antibodies on microchannel surface is an integral and critical component of the cell isolation process. In literature, a general approach is to silanize (e.g., (3-Mercaptopropyl)trimethoxysilane or (3-Aminopropyl)triethoxysilane) the channel surface and to add a coupling agent, such as GMBS (N-γ-maleimidobutyryloxy succinimide ester), as the first two steps. Afterwards, linking proteins, such as NeutrAvidin, streptavidin, and Protein G, can be attached to the coupling agent for enhanced capture efficiency or antibodies can be injected directly or with a spacer, such as polyethylene glycol (PEG). Some of the studies utilized PEG to prevent non-specific binding of untargeted cells to the antibodies (Murthy et al., 2004; Vickers et al., 2012) . As the last step, the channel surface can be coated with BSA to block non-specific adhesion of untargeted biomolecules and cells.
Biophysical characteristics of antibodies, such as antibody orientation, are also a critical factor in cell isolation efficiency. If an antibody binds to a linking protein by the same domain it binds to a cell antigen, probability of cell interaction and capture decreases. In a recent study , linking proteins NeutrAvidin and Protein G were compared in terms of antibody orientation and binding efficiency. It was predicted that lower difference in surface roughness before and after the antibody functionalization indicated a more uniform antibody distribution on the surface, which indicates a better capture efficiency. The results showed that Protein G binding protein provides a better antibody orientation than the NeutrAvidin (Fig. 9a-d) . This new approach Table 1 Microengineered systems integrated with biomolecular probes for measurement of cellular forces and as a controlled environment to study cell-ECM interactions. Response of fibroblast focal adhesion tractions to external force application (Sniadecki et al., 2007) Anisotropic micropillars Oval micropillars for anisotropic stiffness in substrate Direction dependent stiffness modification Nontrivial topology that might affect cell adhesion for certain geometrical configurations Minimum stiffness anisotropy: 3 Directional epithelial growth and migration (Saez et al., 2007) Soft-stiff micropillars Micropillar substrates with various geometries resulting in various levels of stiffness Simple modification of substrate rigidity Nontrivial topology that might affect cell adhesion for certain geometrical configurations Minimum stiffness: 0.85-1.31 nN/μm Osteogenic or adipogenic stem cell differentiation (Fu et al., 2010) , migration and morphology of fibroblasts and stem cells with respect to substrate rigidity (Ghassemi et al., 2008) was used to isolate individual HIV virus particles from blood with high efficiency and specificity.
Applications of biomolecular probe functionalized microfluidics
Isolation of specific cell types efficiently and selectively using microfluidic devices from biological fluids, such as blood or synovial fluid, opened up new horizons in clinical medicine. Advancements in microfluidics led to the development of microdevices integrated with biomolecular probes for diagnosis, monitoring, and treatment of diseases, including CD4 + T cell count for point-of-care HIV monitoring (Moon et al., 2011; Wang et al., 2012) , separation of CTCs for cancer diagnostics and monitoring (Du et al., 2007; Nagrath et al., 2007; Stott et al., 2010) , and purification of stem cells for regenerative medicine (Gurkan et al., 2011a; Plouffe et al., 2009 ). For monitoring of HIV patients in anti-retroviral therapy, Moon et al. developed a microscope-free microfluidic chip platform for rapid (under 10 min) separation and enumeration of CD4 + T cells from whole blood (Moon et al., 2011) . Microfluidic devices were fabricated in the U.S. with a material cost of less than $1.00 and were shipped to Tanzania for field testing by minimally trained personnel in a resource-limited setting. The results showed a correlation between measurements of the microfluidic device with the flow cytometry system, both in the U.S. and in Tanzania. Nagrath et al. developed a micropost based microfluidic device to isolate CTCs, which were in the range of 1-100 in 1 mL of blood compared to 3-6 × 10 9 RBCs (Dharmasiri et al., 2010) , as a potential method for the detection and monitoring of non-hematologic cancers (Nagrath et al., 2007) . The microfluidic device isolated CTCs from unprocessed blood samples of patients with various cancer types (lung, prostate, pancreatic, breast and colon cancers) on antibody (EpCAM) functionalized microposts with 50% purity. The microfluidic device identified CTCs in 115 of 116 samples from patients with various cancer types. Furthermore, in a small group of patients taking systematic treatment, the number of captured CTCs was well correlated with the clinical course of the disease. Gurkan et al. developed a microfluidic device with the capability of not only isolating specific cell types but also retrieving the captured cells from the microfluidic channels on-demand (Gurkan et al., 2011a) . Cell retrieval was enabled through coating of the glass surface with a temperature responsive polymer (poly(N-isopropylacrylamide), PNIPAAm) that can absorb antibodies at 37°C and desorb them at temperatures lower than 32°C. After the target cells were captured on surface functionalized antibodies at 37°C, cell binding antibodies were desorbed along with cells by cooling the temperature below 32°C. CD34 + endothelial progenitor cells, which are extremely low in number in the blood, were isolated and retrieved in the microfluidic channels on antibody (anti-CD34) functionalized surfaces with 90% specificity and more than 90% viability. High throughput along with high selectivity (specificity) is considered to be the ultimate goal of microfluidic cell isolation systems. Even though cell isolation from whole blood can be achieved in microfluidic devices, depletion of non-target cell types beforehand can increase selectivity and throughput. However, sample preparation steps for non-target cell depletion require additional reagents, infrastructure, and labor. To eliminate these extra sample preparation steps, several studies either integrated physical separation modalities (Karabacak et al., 2014; Ozkumur et al., 2013) or miniaturized chemical means of removal of non-target cells (Watkins et al., 2013) as an integral part of the microfluidic platform.
Current challenges and other micro/nanodevices
In the previous sections we reviewed cantilevers, micro/nanopillars, and microfluidic systems in detail. There are other promising micro/ nanotools that are enabled by biomolecular probes. Nanowires are another example of label-free, microfabricated biosensors. They are mostly designed as nanowire field effect transistors (nanowire FETs). Nanowire FET structure is similar to conventional FET, which includes a drain, a source, a semiconductor channel, and gate electrodes. Nanowire forms the semiconductor channel with a high surface area-tovolume ratio. The binding of biomolecules to the nanowire causes the accumulation or depletion of charge carriers both on the wire surface and inside the wire resulting in detectable conductivity changes. Silicon, indium oxide and carbon nano tubes (CNTs) are commonly used in nanowire FETs Tang et al., 2005) . CNTs can be fabricated as single walled (every carbon atom located on the surface of the nanotubes) or multi-walled. Single walled CNTs (SWCNT) demonstrate ultra-high sensitivity because of their size (~1 nm diameter). By using silicon or indium oxide FETs, antibodies (Stern et al., 2007) , ssDNA (Kim et al., 2007) , virus , proteins (Cui et al., 2001) , and electrical activities of neuron cells (Patolsky et al., 2006) have been detected while by using CNT FETs protein (Maehashi et al., 2007) , antibody , glucose (Besteman et al., 2003) , and DNA have been detected.
Although nanowire biosensors have ultrahigh sensitivity and portability, device performance highly depends on the ionic concentration and ionic strength of the buffer solution. Ionic strength of the buffer solution determines an important parameter, the Debye length for FET based nanowires (Maehashi et al., 2007) . In order to sense the charge of the target molecules with higher sensitivity, binding should occur close to the sensor surface; shorter than the Debye length. Usually low ionic strength buffer solutions are used to increase the Debye length. However, some biomolecular reactions require high ionic strength such as DNA hybridization buffers and untreated serum. This problem is an inherent limitation for nanowire sensors; in addition to their extreme susceptibility to nonspecific entities that are present in complex mixtures.
Surface plasmon resonance (SPR) operation relies on monitoring the surface plasmon waves (SPWs) to detect receptor-target molecule interactions at the surface of a metallic film or nanoparticles. In a typical SPR system, receptor molecules are immobilized on a metal film. The receptor-modified metal film (usually gold) interacts with the flow within the channel, where the other side is in contact with a glass slide that allows the incident light through. At certain wavelengths and angles, incident light passes through glass slide and excites SPW at the interface of metal film and biomolecules. At a certain incident angle (resonant angle), SPW adsorbs the energy which results in a minimum intensity of the reflected light. SPW is very sensitive to changes in the refractive index of the sensor surface caused by biomolecular interactions. Thus, molecular binding events at the sensor surface can be detected by measuring the changes in resonant angle. SPR operates in real-time and detects target molecules in aqueous solutions (Hoa et al., 2007; Karlsson, 2004) . The sensitivity of typical SPR systems can be improved by incorporating nanomaterials (Choi and Lee, 2013; Zeng et al., 2014) and alternative approaches, such as local surface plasmon resonance (Cho et al., 2012) and surface-enhanced Raman scattering Lu et al., 2005) .
For detection and measurement of cell traction forces, various methods have been developed in addition to pillar arrays, such as ultrathin silicone films (Harris et al., 1980; Helfman et al., 1999) , and polyacrylamide (PAA) gels (Balaban et al., 2001; Dembo and Wang, 1999) . Traction forces are measured on ultrathin films by the distortions and wrinkles that the cells form. Even though this method provided an important insight, force measurement from distorted films is complicated in its nature (Yang et al., 2011) . On the other hand, fluorescent microbead embedded PAA gels provide a more accurate quantification of the traction forces (Table 1) . Dembo and Wang studied the traction forces at focal adhesions during locomotion of single 3T3 fibroblast cells using collagen conjugated PAA gels with embedded fluorescent marker beads (Dembo and Wang, 1999) . Moreover, stiffness of the gel can be tuned via changing the level of cross-linking. However changing the level of cross-linking not only alters the mechanical properties of the substrate but also has an effect on the porosity, surface chemistry and binding properties of the ligands (Fu et al., 2010) . This coupling between different material properties somewhat limits the use of gels for cell-substrate interaction studies.
Even though micropillar substrates provide sensitivity and versatility, they are limited in mimicking the natural cell microenvironment due to their 2D configuration, whereas cells are in 3D matrices in-vivo. This dimensional problem is a limiting factor for gel substrates as well. To overcome this issue, Legant et al. adapted the bead embedded gel approach into a 3D elastic hydrogel matrix to study traction forces of EGFP-expressing 3T3 fibroblasts (Legant et al., 2010) . Even though a 3D environment was produced for the cells, this approach is susceptible to computationally intensive data processing. In another study, prebent, flexible, and ECM protein functionalized cantilevers in a blossoming flower configuration were fabricated to measure traction forces of cells in 3D (Marelli et al., 2014) . A limitation of this method is the restriction of cells in a confined configuration, which does not allow cell migration and cell-cell interactions.
Microfluidic systems that rely on physical characteristics of cells have also been utilized for cell isolation without surface functionalization. These techniques include physical filtration, inertial focusing, dielectrophoresis, acoustophoresis, and optical tweezers. Cell isolation methods based on physical filtration take advantage of the differences in size and deformability of different cell types. Physical filtration has been utilized in isolation of cell populations, such as monocytes , and CTCs (Lin et al., 2010; Xu et al., 2010) . Inertial focusing exploits inertial forces resulting from fluid flow in a channel. Shear-gradient lift and wall-induced lift result in a net force that brings the cells to an equilibrium position (Di Carlo, 2009; Yu et al., 2014) . Through this motion, a homogenously dispersed cell stream can be aligned in a focused stream, which was then utilized for isolation of platelets (Di Carlo et al., 2008) , and CTCs (Bhagat et al., 2011; Hou et al., 2013) in microfluidic channels. Dielectrophoresis is the movement of dielectric particles in a non-uniform electric field. The electric field polarizes the particles and their movement occurs due to the interaction between the particle's dipoles and the spatial gradient of the electric field (Cetin and Li, 2011) . This phenomenon has been utilized in microfluidic channels for isolation of cell populations, such as platelets (Pommer et al., 2008) and CTCs (Alazzam et al., 2011; Gupta et al., 2012) . Acoustophoresis is based on manipulation of cells using ultrasound radiation forces generated in an acoustically soft medium within an acoustically rigid microchannel. These ultrasound radiation forces drive cells toward the pressure nodes or anti-pressure nodes of the acoustic field (Augustsson et al., 2012; Lin et al., 2012; Yu et al., 2014) . Acoustophoresis has been utilized for isolation of platelets (Nam et al., 2011) and CTCs (Li et al., 2015) . Aside from these approaches, optical tweezers have also been utilized in microfluidic channels for separation of cells. Optical tweezers are based on tightly coupled laser light to manipulate dielectric microparticles . Feasibility of cell isolation in microfluidic channels using optical tweezers has been shown by separation of fluorescently labeled HeLa cells (Wang et al., 2005) , macrophages (Perroud et al., 2008) , and human embryonic stem cells .
The techniques summarized above provide high-throughput processing of blood while relying on physical properties of cells for separation, such as size, density, electrical polarizability, and compressibility. Even though these physical properties can be considered as a biomarker to some extent, specificity and selectivity still remain as challenges in these techniques. Whereas, antigen-antibody interactions can be deemed as the specific fingerprints of cells and these interactions are also the key components of the natural selectivity mechanism in the body. In recent years, studies taking advantage of both physical properties and antigen-antibody interactions of cells have been performed for high throughput isolation along with high selectivity (Chang et al., 2015; Karabacak et al., 2014; Ozkumur et al., 2013) .
Biofouling in micro-and nanodevices is generally regarded as nonspecific binding of molecules or cells to the device surface, which can affect the sensitivity and selectivity of the device (Yoon and Garrell, 2014) . Advances in both sensor designs and functionalization methods resulted in obtaining higher yields for specific binding. For example, differential cantilever design together with inkjet printing methods for functionalization of the surface offers improved experimental performance (Icoz et al., 2008) . On the other hand, most of the microfluidic platforms integrated with biomolecular probes utilized blocking agents, such as bovine serum albumin (BSA) to prevent non-specific binding events Bai et al., 2006; Cheng et al., 2007; Gurkan et al., 2011a Gurkan et al., , 2012 Wang et al., 2012) . It is evident that research on surface chemistry and molecular interactions are becoming more significant as fabrication methods for new generation biosensors are standardized.
Summary and future perspectives
Micro/nanotools integrated with biomolecular probes interact with nucleic acids, proteins, and cells, and convert the interaction between the biological target and the biomolecular probe into a measurable signal. These new tools and capabilities allow the analysis and measurement of the target at biologically relevant scales. Every transducer type (e.g., cantilever, nanowire, pillar) relies on a different physical phenomenon, such as changes in mechanical (e.g., deflection, strain, surface tension), electrical (e.g., conductivity, current, capacitance), or optical (e.g., intensity, reflection) properties. As micro-and nanotechnologies open new horizons for advanced fabrication methods, researchers are able to design and produce novel transducers with improved sensitivity, throughput, and specificity. Through these improvements, translation of the micro/nanotools from laboratories to the field is becoming more feasible. In order to commercialize new generation biosensors, additional optimization efforts are needed in two fronts: (i) enhanced selectivity of sensing tools while handling complex media, such as blood, and (ii) improved functionalization of the device surface with precisely controlled dense arrays of appropriate biomolecular probes. Experimental studies need to be supported with analytical tools and theoretical methods to improve the response of the micro/nanotools (Nair and Alam, 2010) . Computer aided simulations may be used to guide the advancement of the device design and to determine the operational limits of the system. Experimental procedures are usually optimized by iterative steps, which consume time, effort and materials. Theoretical studies may reduce the needed resources to develop and optimize biosensors (Kim and Zheng, 2008) .
The overall aim of developing new generation transducers is to achieve portable, low cost, and highly sensitive devices to replace current cost and time consuming technologies. For example, effective utilization of microfluidic technologies as cost and time efficient biosensing platforms in underdeveloped countries could be a milestone for point-of-care diagnosis and monitoring of millions of patients with restricted access to health care facilities. Even in the developed world, microfluidic platforms have the potential to revolutionize clinical medicine by improving the diagnostics and monitoring of diseases, such as cancer, and HIV, into simple and fast procedures, which could enable early diagnosis and improve the quality of patients' life. Despite all the developments in micro/nanotools biosensors, these new systems are still facing limitations in sensitivity, efficiency, and parallel processing of biological samples. In general, analysis of only one property is not sufficient in biological analyses or in clinical medicine to determine a clear outcome. Therefore, releasing/recovering the analyzed sample out of the device for further analyses, or running multiple analyses in the same device is still among the major challenges. The micro/nanotools and technologies presented here demonstrate potential in biology and medicine, especially in sensing of biological components, ranging from proteins to cells. Such methods integrate advanced micro/ nanofabrication methods to achieve enhanced sensitivity and control. Throughput, speed, scalability, user friendliness, cost of fabrication and utilization of these tools and methods still have plenty of room for improvement. Development of micro/nanotools has rightfully been the research focus of many laboratories for many years now. It is certain that we will continue to be amazed with the advancements and the pioneering and lifesaving possibilities offered by these tools.
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